Hydrogels are commonly used as extracellular matrix mimetics for applications in tissue engineering and increasingly as cell culture platforms with which to study the influence of biophysical and biochemical cues on cell function in 3D. In recent years, a significant number of studies have focused on linking substrate mechanical properties to cell function using standard methodologies to characterize the bulk mechanical properties of the hydrogel substrates. However, current understanding of the correlations between the microstructural mechanical properties of hydrogels and cell function in 3D is poor, in part because of a lack of appropriate techniques. Here we have utilized a laser tracking system, based on passive optical microrheology instrumentation, to characterize the microstructure of viscoelastic fibrin clots. Trajectories and mean square displacements were observed as bioinert PEGylated (PEG: polyethylene glycol) microspheres (1, 2 or 4.7 μm in diameter) diffused within confined pores created by the protein phase of fibrin hydrogels. Complementary confocal reflection imaging revealed microstructures comprised of a highly heterogeneous fibrin network with a wide range of pore sizes. As the protein concentration of fibrin gels was increased, our quantitative laser tracking measurements showed a corresponding decrease in particle mean square displacements with greater resolution and sensitivity than conventional imaging techniques. This platform-independent method will enable a more complete understanding of how changes in substrate mechanical properties simultaneously influence other microenvironmental parameters in 3D cultures.
Introduction
Biomaterials that are natural, synthetic, or hybrids of both, hold promise as scaffolding materials for engineered tissues, and are proving useful as model extracellular matrices (ECMs) to study cell-cell, cell-ECM interactions, and their effects on cell response. Naturally occurring biomacromolecules, such as type-I collagen, glycosaminoglycans, or fibrinogen, self-assemble to form viscoelastic hydrogels that can serve as 3D models for the in vivo cellular microenvironment [1] . Proteins can also be modified based on relatively simple biochemistries to contain reactive groups that can be cross-linked to form polymer gels [2] [3] [4] . Hydrogels that mimic the cellular microenvironment require consideration of a multitude of factors, including mechanical properties [5] [6] [7] [8] , biocompatibility, reproducibility, ligand density [9] , as well as biotransport and pore size [10] [11] [12] [13] [14] . The interplay between these factors will contribute to transduction of cellular signals, which, in turn, determines cell survival, proliferation, and phenotype. In many cases, the stochastic nature of the polymerization processes by which many commonly used hydrogels are constructed can lead to a heterogeneous microstructure. As a result, cells distributed within an apparently uniform gel will experience different microenvironments. This may translate into significant variation in cell-ECM interactions and consequently downstream signaling and ultimately behavior, all within a single gel. ECM fibers can be forced to align in a preferred orientation using magnetic fields, stretch, or other techniques [15, 16] . However, starting with a random orientation and studying the processes by which cells impose structure on their surroundings, may in fact model morphogenesis more closely than an entirely homogeneous structure. Regardless, it is evident that better characterization of the physical properties of the hydrogels on a length scale relevant for individual cells and cell processes is needed.
It is well established that substrate mechanical properties influence cell fate in two-dimensional (2D) cultures [17] [18] [19] [20] [21] [22] . Multipotent stem cells [23, 24] , tumor cells [25] , and more committed cells [26] have been shown to change their phenotype based on the stiffness or compliance of their underlying substrate. Cells are thought to sense ECM mechanical properties in part by generating actin mediated traction forces [27] [28] [29] . There is also evidence suggesting that cells may be affected by substrate compliance when embedded within three-dimensional (3D) ECMs [30] [31] [32] [33] . However, the influence of mechanics on cells in the 3D setting is ill-defined, since the compliance of the surrounding matrix depends not only upon the material properties of individual protein fibers, but also the complex organization of macromolecules that are crosslinked into an asymmetrical 3D network. In contrast to cells cultured on a 2D surface, cells seeded into a 3D scaffold are living in a porous protein network with mechanical and chemical stimuli on all sides. Cell morphology, migration speed [34, 35] , and cytoskeletal organization are affected not only by matrix compliance, but also the density of ligands in the microenvironment [36] . Furthermore, geometric confinement of cells by the ECM has been shown to be directly linked to morphology [37] [38] [39] [40] , cell death [41] , and stem cell differentiation [42] . As a result, the distribution of stresses about the cell will depend on the local geometry of fibers and on stresses originating both from the cell's cytoskeleton and the surrounding matrix.
In an effort to better understand the mechanics of cell-ECM interactions in a 3D biomaterial, a wide variety of methodologies have been implemented to characterize substrates. Tensile/ compressive testing and shear rheology are routinely used to examine bulk mechanical properties [26, [43] [44] [45] . Such measurements are essential in biomaterial design; however, these methods typically do not reveal any information about microstructure. Confocal imaging relying on fluorescently tagged proteins [46, 47] or back scattered light [48, 49] , multiphoton and second-harmonic imaging [14, 50] , and even electron microscopy [51] have all given insight into the geometric microstructure of proteins in 3D. Traction force microscopy, in which immobilized microspheres are tracked in response to a cell-generated force, has been implemented in 2D [52, 53] , with some recent success in 3D [54, 55] . If mechanical properties of a substrate are well characterized, microsphere displacements can also be used to back calculate the local forces transmitted by a cell to the substrate.
Microrheology is a field dedicated to characterizing the viscoelastic nature of materials on the micron scale, typically through tracking the movement of microspheres. Unlike `macro' rheology, which measures ensemble average properties, microrheology uses micron-sized beads that are on a similar length scale to subcellular structures involved in mechanosensing and force generation. Passive tracking methods of microrheology have been used to measure low strain, high frequency, high sensitivity information about viscoelastic biopolymer solutions [56] , as probed under the influence of weak Brownian forces. In a physiologically relevant hydrogel, passive measurements of mechanical properties only probe smalldeformation mechanics, which can be significantly different from those sensed by cells as they induce considerably larger local deformations. However, passive measurements can report the fluid properties within pores and the scale of the pore. A wide variety of technologies have been used to enable microrheology, including diffuse wave spectroscopy/dynamic light scattering [57, 58] , video particle tracking [59] [60] [61] , atomic force microscopy [62] , and magnetic [63] , and laser tweezers [64, 65] . Microrheology has also been used to look at the mechanical properties of the viscoelastic cytoplasm inside a cell [66] [67] [68] [69] , cell membranes [70] , as well as ECM polymers like hyaluronan [71] and collagen [72] .
In this study, we have implemented passive back focal plane laser tracking methods, based on passive optical microrheology, to investigate the microstructure of natural fibrin hydrogels. Fibrin gels are biocompatible, modifiable, easy to make, and serve as a good model substrate for studying common biological processes such as angiogenesis, wound healing, and cell-ECM interactions [51] . Plasma concentrations of fibrinogen (the precursor of fibrin) for a normal individual range from 2.0 to 4.0 mg ml −1 [73] . In vivo, fibrin clot formation, structure, and stability depend not only on the concentration of circulating fibrinogen, but also on the concentration of thrombin, which is dynamic [74] . To simulate microstructural variability in fibrin clots and to investigate the influence of matrix density on microstructure, here we characterize fibrin hydrogels composed of 3 different fibrinogen concentrations. These concentrations both bracket the physiological range of fibrinogen concentration in vivo, and have been shown to elicit variable phenotypic response in vitro [28] .
Methods

Bead functionalization
Carboxylated silica beads (1, 2, and 4.74 μm diameter, Bangs Labs, Fishers, IN) were PEGylated with aminefunctionalized polyethylene glycol (amine-PEG, Creative PEGWorks, Winston Salem, NC) via carbodiimide reactive chemistry. Beads were suspended in 1 ml MES Buffer (Fischer Scientific, Pittsburg, PA), pH 4.7, at 2% w/v and were sonicated until there was no visible precipitate. Carboxyl groups on beads were activated at this low pH by addition of 1-ethyl-3-(3-dimethylaminopropyl) carbodiimide hydrochloride (EDC) to form Oacylisourea intermediate which was further stabilized by addition of N-hydroxysuccinimide (NHS). Both EDC and NHS were added at 10× molar excess of bead surface groups at room temperature for 30 min under rotation. Excess EDC and NHS were removed by repeated centrifugation at 6000 rpm and washing with DI water (at least 3 times). Two milliliters of 5 kD amine-PEG dissolved in 200 mM PBS, pH 7, was added to resuspend the beads in solution at 10× molar excess. Raising the pH from the initial activation step helps drive the PEGylation reaction. The reaction between the amine-PEG and the beads was allowed to occur for 4 h or overnight at room temperature, under rotation and shielded from light with metal foil. Unreacted amine-PEG was removed by repeated washing with DI water. If further coating with bovine serum albumin (BSA, Sigma) was desired, PEGylated beads were incubated in 5% w/ v BSA and washed once again. BSA may adsorb to unreacted functional groups on the bead surface to help reduce non-specific binding between beads and the protein phase of the fibrin hydrogels. The final concentration of the 1 ml bead solution, approximated from dilution of initial concentration, was 20 μg ml −1 .
Fibrin hydrogel construction
The day of the experiment, bovine fibrinogen (Sigma) solutions of the desired concentrations (2.5, 5, or 10 mg ml −1 ) were prepared in 1× PBS under sterile conditions. After addition of 20 μl of 20 μg ml −1 PEGylated 1 μm silica beads and 5% fetal bovine serum (FBS), polymerization of 1 ml of the solution was initiated by adding 20 μl of thrombin (Sigma, 50 U ml −1 ) in a 35 mm optical dish (MatTek, Ashland, MA). FBS contains factor XIII, a zymogen that contributes to the cross-linking of the fibrin gel when activated to Factor XIIIa. The solutions were left undisturbed for 30 min at room temperature until gelation was complete. Gels were immersed in PBS to maintain hydration throughout the experiment.
Confocal reflection microscopy
Unlabeled 3D fibrin matrices were imaged by confocal reflection microscopy, using a laser scanning confocal microscope at the Laboratory of Fluorescence Dynamics (LFD). Briefly, confocal reflection microscopy was performed using a fluoView 1000 (Olympus) microscope equipped with a 60×, 1.2 NA UPLSAPO water immersion objective (Olympus). Samples were illuminated with 488 nm Argon laser (Melles Griot) through an 80/20 filter, and scanned at a rate of 2 μs/pixel.
Laser tweezers particle tracking
2.4.1. System setup and data acquisition-We have constructed a custom back focal plane detection system around an IX81 Olympus microscope on a vibration dampening SMART table (Newport, Irvine, Ca) as shown in figure 1 . Laser light from a 1064 nm ytterbium fiber laser (IPG) is expanded by lenses L1 (f = 400 mm) and L2 (f = 500 mm), and is steeply focused onto the sample using a 1.45 NA oil immersion PlanApo objective (Olympus). Both a stepper motor sample stage (MS 2000, Applied Scientific Instruments (ASI), Eugene, OR) as well as a piezoelectric sample stage (XY PZT, PI), objectives, filter cubes, camera (Orca, Hamamatsu), and data acquisition are controlled through custom LabVIEW software. The XY PZT nanostage has 0.1 nm precision and is mounted by a custom adapter into the ASI stage. Forward scattered light is refocused by lenses L3 (f = 50 mm) and L4 (f = 35 mm) onto a quadrant photodiode (QPD, New Focus, San Jose, CA, 900-1700 nm operating range) positioned conjugate to the back focal plane of our objective. Fluctuating microspheres steer the laser across the QPD, which outputs thee analog signals: diff(X), diff(Y), and sum. Signals are digitized through a NIPXI M-series DAQ board (National Instruments). The X and Y signals were normalized by the sum signal to compensate for small changes in average laser intensity. In addition, an IR band pass filter is mounted in front of the QPD to suppress broadband ambient light. Signals were sampled at 10 kHz for 10 s. Sufficiently low laser power (~0.1 mW) was used during gel experiments to avoid the contribution of significant laser trap forces, as validated experimentally (data not shown).
Calibration and system characterization-
To calibrate QPD signals, a 1 μm bead was scanned through the laser focus using the XY PZT in a stepwise manner (1 nm per step), and QPD signals were recorded at each position. System sensitivity of approximately 1 nm and a conversion factor of 750 ± 6.7 nm V −1 were determined. We used the mean-squareddisplacement (MSD) 〈ΔR 2 (τ)〉 = 〈(r(t+τ)−r(t)) 2 〉 of the particle's trajectory, r(t) calculated over various lag-times, τ, to quantify the amplitude of trajectories over different time and length scales [56, 75] . Unlike the MSD of purely diffusive particles, the MSDs of particles bound by a pore will exhibit a plateau as τ increases indicative of the mean maximum path the particle can diffuse along until it encounters a physical boundary. The value of τ at which the plateau is first encountered in indicative of the mean time to traverse the pore. By analogy, and to validate our system, we first observe the MSD of optically trapped beads in water at room temperature under various trap stiffness. To calibrate trap stiffness, power spectral densities were computed from (X, Y) displacement signals, and corner frequencies were used to calculate trap stiffness (k(pN nm −1 )) as previously described [76, 77] . An optically trapped bead represents a viscoelastic system driven by Brownian forces and subject to viscous dissipation and spring-like `elastic' laser trap forces tending to return the bead to the trap center. As the trap stiffness increases with increasing laser power, the particle becomes more constrained and the MSD plateau decreases in magnitude. Likewise, as the trap stiffness increases, the MSD plateau will be reached at smaller values of τ since the average maximum path length and the time to traverse that path will have a monotonic relationship. MSD curves were obtained by trapping 1, 2 and 4.74 μm beads in water at increasing laser powers (figure 2(a)). As laser power and trap stiffness increases, both the magnitude of the MSD plateau and the value of τ at which the curves plateau decreases, consistent with optical tweezers theory and representative of increased confinement. The dashed line shows the theoretical MSD for beads diffusing in a purely viscous medium with slope equivalent to the diffusion coefficient in water; a flat slope would indicate a purely elastic system with no viscous dissipation [75] . Furthermore, as bead size is increased, the value of τ at which the curves plateau decreases (data not shown). This is expected since larger beads will experience larger viscous resistance and therefore, will take longer to achieve their maximum displacement. To further characterize the system, 1, 2, and 4.7 μm diameter beads were trapped at one of three laser powers and the MSD values were quantified. A linear relationship between maximum MSD and trap stiffness was observed for all three bead sizes ( figure 2(b) ), with trap stiffness highest for the 1 μm beads and lowest for the 4.7 μm beads. These data are consistent with theory and published observations for particles transitioning from the Mie regime (particle diameter near the trapping wavelength) to the ray optics regime (particle diameter larger than the trapping wavelength) [78] .
Fibrin hydrogel-Microbeads
were dispersed within a given fibrin gel and were randomly selected and positioned into the laser focus so that the beam and bead centers were co-aligned. We applied the following criteria before measuring the bead: (i) no other beads within a few diameters distance; (ii) bead must not be near the glass surface of the dish; (iii) bead must be sufficiently confined within a single pore so that it does not diffuse completely out of focus, transversely out of the beam. After a short period to allow for any vibrations excited through the sample stage movement to dissipate, custom LabVIEW software directed the acquisition of five sequential recordings of bead movement at 10 kHz with 10 s duration. A total of 25 beads were selected per bead size, resulting in 75 measurements for each gel concentration. All recordings were made in a dark, quiet room to reduce the possibility for externally excited vibrations.
2.4.4.
Analysis-Raw signals acquired in LabVIEW were imported into Matlab for further analysis. Diff(X) and diff(Y) spectra were normalized by dividing by the mean of the sum signal, and scaled using the previously determined calibration factor for conversion of volts to nanometers. X versus Y trajectories were plotted to visualize the geometry of the bead's movement. MSDs were calculated from (X, Y) displacement trajectories (figures 4(a)-(c)). Probability density functions were estimated using a normal kernel function encapsulated by the `ksdensity' function in Matlab ( figure 4(d) ).
Results and discussion
In this study, we have characterized the microstructure of fibrin-based ECM mimetics through the use of laser tweezers-based passive microrheology. Our initial experiments involved dispersing plain hydrophobic 1 μm polystyrene beads (Bangs Labs, Fishers, IN) inside the hydrogels. However, in these experiments, no diffusive movement was ever observed with unmodified beads; instead, the beads appeared physically adsorbed to the protein phase of the gels (data not shown). Reflection confocal images (figure 6) confirmed beads were immobilized due to physical adsorption on the fibers; beads were never observed floating in the pores of the matrices. To further establish that microspheres movement was limited as a result of adsorption to the protein phase of the gels rather than mechanical confinement by the matrix, a high concentration solution of non-functionalized 1 μm microspheres was injected into a 2.5 mg ml −1 fibrin gel using a 22 gauge needle ( figure 3 ). The injection process created a physical insult that left a void within the gel. Microspheres were immobilized and physically adsorbed to filaments at the interface between the void and the gel. Penetration into the gel was limited to tens of microns, but microspheres were not freely diffusing.
These data are consistent with observations made by Valentine et al, who previously reported on the importance of bead surface chemistry for particle tracking measurements in different materials [79] . To eliminate non-specific binding between probe particles and ECM proteins, carboxylated silica microspheres were functionalized with amine polyethylene glycol (amine-PEG) using a PEGylation procedure adapted from Ehrenberg and McGrath [80] , similar to that described by Valentine, et al [79] . Beads were PEGylated with 5 kDa amine-PEG, and further incubation with BSA in some cases. There were no significant differences in thermal fluctuations between PEGylated beads and PEGylated beads incubated in a BSA solution (data not shown). Complete functionalization of the microspheres should prevent adsorption of any protein, including BSA; thus our observations suggest functionalization of the beads was successful and complete. All formulations dramatically improved results, effectively shielding the beads from non-specific interaction with the protein phase of fibrin gels. The diffusion of functionalized microspheres within the pores of the ECM proteins was easily observed at 60× magnification.
While some particles may have an inherent `biological inertness', most are synthetic objects with a highly energetic attraction to protein. Protein adsorption occurs immediately upon implantation of many biomaterials into tissue [81] , similar to the way in which untreated microspheres adhere to a fibrin matrix. This issue was previously addressed for very low concentration (0.44 mg ml −1 ) fibrin gels [79] , but the strong association between unmodified beads and fibrin gels shown here (figures 3 and 6) suggests it may be even more critical in physiologically relevant gels used for 3D cell cultures. Adsorption of protein to the probe particles may give a misleading decrease in the measured MSD, resulting in an overestimate of ensemble material stiffness or an underestimate in pore size. The apparent displacement of beads adsorbed to relatively stiff, cross-linked, viscoelastic ECM hydrogels, such as those composed of fibrin or type-I collagen, may move in a correlated manner with bulk gel movement caused by external vibrations, which may also lead to misinterpretations of data. Furthermore, non-functionalized synthetic beads will have an increasingly highly energetic attraction to proteins when the concentration of proteins is very high, such as within a small pore. Blocking nonspecific interactions between the beads and the solid phase of ECM mimetics will also be particularly important in fully synthetic (e.g. PEG) or hybrid gels (e.g. PEGylated fibrinogen) whose structure cannot be easily imaged. Thus, when using passive microrheology to probe hydrogel microstructure, it is imperative to prevent undesirable protein adsorption. On the other hand, specific protein-bead interactions will undoubtedly be critical to assess the mechanical properties of individual filaments via active microrheology.
Using PEGylated beads of 3 different sizes, MSDs were then measured in fibrin gel matrices synthesized from 2.5, 5, or 10 mg ml −1 fibrinogen. Analyses of 25 beads per gel revealed maximum MSD values listed in table 1. MSD curves were characteristic of subdiffusion or diffusion of constrained particles with a sub-viscous linear slope followed by an elastic plateau [82] , as can be seen in figure 4 . The qualitative shape of these MSD curves are in agreement with those for microbeads diffusing within confined volumes within entangled F-actin networks for values of tau = 0.05 s and above [83] . The similarities in MSD are well explained by figure 6 , in which beads appear similarly confined within the 2.5 and 5 mgml −1 gels. As expected, the 2.5 mg ml −1 gels exhibit the largest pores of the three gel concentrations tested. In those gels, both 1 and 2 μm diameter spheres exhibit a linear viscous response throughout most values of tau, with the 2 μm spheres `flattening out' at tau = 0.5 s ( figure 4(a) ). This is supported by the images in figure 6 , which show the 2.5 mg ml −1 gel contains large proteinfree volumes with respect to the smaller beads. The 4.7 μm spheres exhibit an anomalous response with respect to viscous subdiffusion within a confined volume and may contain information regarding elasticity at the pore's boundary. The 5 mg ml −1 gels are more `crowded' as compared to the 2.5 mg ml −1 gels, with more pores of qualitatively smaller dimension. In these gels, one would expect to observe greater confinement represented by a lower plateau value in the MSD curves occurring at lower values of tau. Both 1 and 2 μm beads exhibit such a plateau ( figure 4(b) ), indicating both beads are found in pores larger than their diameters. The 4.7 μm beads were fully confined, with MSD curves similar to our background measurements of a microbeads adherent to the glass coverslip. In these cases, the MSD represents system noise and vibration. In the 10 mg ml −1 gels 1 and 2 μm beads exhibited subdiffusion with reduced plateau values occurring at lower tau, while the motion of all 4.7 μm beads were indistinguishable from background ( figure 4(c) ). The distribution of maximum MSD values for each bead size in all three gel concentrations are shown in figure 4(d) . The gray box in the 4.7 μm bead distribution represents values indistinguishable from background. The distributions indicate that 1 μm beads exhibit similar distributions of maximum MSDs in both 2.5 and 5 mg ml −1 gels, whereas the 2 μm beads become more confined in the 5 mg ml −1 gels. This suggests that 5 mg ml −1 gels contain pores both larger than and on the scale of 2 μm beads, as suggested by figure 6(b) . In the 10 mg ml −1 gels, only the 1 and 2 μm beads show detectable movement, as would be expected from the mesh geometry ( figure 6(c) ).
In addition to looking at MSD values, x versus y displacements were studied qualitatively to observe the anisotropy of microsphere movement. A wide variety of trajectories were observed with different magnitudes and geometries (figure 5), especially in the 2.5 and 5 mg ml −1 gels. No recurring trajectory geometry was consistently observed during measurements in any of the gels. Some trajectories reflected the triangular fractal structure of the ECM seen by reflection confocal (figure 6) in the shape of their distribution. Our system is currently limited in its ability to definitively extract pore geometries from trajectories since they are a 2D representation of a 3D event. Beads are diffusing in a volume of water encased by protein but recorded signals are from laser deflection on a single plane. Our system does not account for movement in 3D, nor any scaling that may occur as a result of the defocusing of the laser as a result of this movement. This can be overcome using a beam splitter and a second QPD. If the QPD is overfilled, then changes in the z-direction can be calibrated to changes in focus on the QPD with resolution equivalent to that of the optical axis. Despite these limitations, our results clearly show a range of MSD values, suggesting a variety of pore geometries and the random nature of the polymerized hydrogel structure as perceived in 2D. As a rule of thumb, any laser tweezer-based passive microrheology method cannot measure bead movements larger than the bead diameter. This is due to the fact that the laser power used is not strong enough to trap (it is intended to only detect), and any bead that is not caged in protein will become undetectable as it escapes the path of the laser beam. Video-based particle tracking methods allow for larger displacements to be measured, but at the expense of spatial and temporal resolution. Specifically, when compared to such methods, our laser tweezer-based microrheology method enables MSD values to be obtained at significantly lower values of tau (two additional decades) [79] . In a protein gel, this increased resolution allows the intrapore viscous properties of physiologically relevant ECM hydrogels to be identified and characterized, features that would be missed by most current video-based methods.
To complement the laser tracking MSD measurements, we also visualized the geometric properties of fibrin matrices using confocal laser scanning microscopy in reflection mode ( figure 6 ). Clear images of hydrophobic fibrin fibers were obtained by collecting backscattered light from scanning a 488 nm laser at minimal power. Reflection confocal images are readily obtainable for nearly any biopolymer given a large enough difference in index of refraction in comparison to water. This technique revealed that the 2.5 mg ml −1 fibrin gels had a wide range of pore sizes ranging from hundreds of nm to as big as 5-10 μm, consistent with the wider range of MSD measurements ( figure 4(a) ). These images also demonstrated a non-repeating pattern made up of polygonal geometries. The range of visible pore sizes decreased as the protein concentration of gels was increased, resulting in a higher density of protein as well as an increase in cross-link frequency. It becomes harder to distinguish any geometric regularity in the matrix as the pore sizes decrease beyond the resolution of the laser, and the fibrin density converges on the pixel resolution of the image. Some fibril-like proteins may not be visible since they are beyond the diffraction limit of the light, but this would be reflected in particle tracking experiments.
Reflection confocal is limited by its inability to visualize proteins and other molecules that do not strongly scatter light or whose size is smaller than the diffraction limit of the laser being used. This may be problematic when trying to use reflection confocal to image many synthetic polymer hydrogels or hybrid hydrogels [3] (i.e. those with both native and synthetic components) that commonly use highly hydrophilic molecules, such as PEG. PEG attracts water molecules, and thus, does not scatter light very well in a hydrogel. However, the microstructure of such gels can still be interrogated (in effect, imaged) by quantifying the MSDs of laser-tracked microspheres as we have done here. Our laser tweezer microrheology system is successful in mapping out pore geometries by tracking microbeads confined by the protein phase of ECMs, as demonstrated here in fibrin hydrogels. Additionally our method has sufficient temporal resolution to observe a linear viscous response at low tau to determine if a bead can freely diffuse within a pore. This method is limited, however, in that once the bead leaves the beam, it is undetectable. By this limitation a bead can only probe a pore of approximately twice its diameter. In naive material for which pore structure is unknown and cannot be imaged, a hybrid video particle tracking-passive laser detection system may be most appropriate. By mixing in a cocktail of beads spanning a range of diameters, the video methods can quickly determine the range of pore size. At that point, laser tracking can be implemented to determine the local pore viscosity as well as a higher resolution measurement of the distribution of pore size and shape. Furthermore, an additional advantage of using laser tweezer-based methods is the ability to drive bead displacement for active microrheology measurements (a topic we and other investigators are pursuing, but beyond the scope of this paper).
The structural properties of complex soft materials, such as ECM hydrogels, are difficult to characterize due to the small resolution of their mesh and the fact that they are predominantly composed of water. High resolution electron microscopy is capable of visualizing hydrogels with profound detail; however, not only is real-time bioimaging impossible, a vacuumed dry environment is typically needed, which may impose artifacts that make the reported structure questionable. The confocal reflection imaging method utilized here is an excellent means for imaging highly scattering static ECM hydrogels such as fibrin and type-I collagen, and provides for consistent time-lapse imaging capabilities. Here, we have proposed the novel application of using passive optical tweezers microrheology to quantify MSD values for multiple particles sizes in ECM gels of different protein concentrations. The structural information provided by confocal reflection imaging, in combination with high frequency, high sensitivity, laser particle tracking provides a powerful and robust tool for investigating the microarchitecture of the ECM. Both of these tools are platform independent, and can be used for virtually any ECM, including collagen, elastin, and hyaluronan.
Via passive laser tracking and reflection confocal, we have characterized the structure of fibrinbased ECMs on the micron and sub-micron scales. Subtleties in pore size distributions and material heterogeneity that are not attainable using typical bulk mechanical testing were directly addressed via our methodology, thereby enabling characterization of biomaterial structure on the scale of cellular and subcellular mechanosensing. We have shown that increased protein concentration both increases the density of protein in a given volume and further limits the range of pore sizes as shown by MSDs of functionalized microspheres. This has many implications in studying cell fate processes in 3D ECM hydrogels and their design for tissue engineering. In particular, increasing protein concentration is often used to achieve a desirable increase in material stiffness, with other effects including increased ligand concentration, decreased pore size, and greater confinement ignored or dismissed. Previous studies have shown that both protein ligand concentration and adhesion area are linked to a cell's ability to migrate [35, 38] . Cells tend to remain firmly anchored and unable to escape from highly adhesive sites, and may be unable to penetrate, or squeeze through regions where protein concentrations are too high in the absence of protease [84] . Furthermore, a cell's ability to spread is directly linked to cell survival [41] ; thus limited pore size, due to an increasingly dense matrix, may contribute to apoptosis and necrosis. Ideally, new biomaterials designed to address the influence of substrate mechanical properties on cell fate in 3D should possess the flexibility to manipulate mechanical properties independently of these other features. Realistically, this is much simpler in theory than in practice. Importantly, our method here provides a new way to characterize how changing protein concentration, as a way to manipulate substrate mechanical properties, simultaneously alters microstructure and pore size, and may enable us to better understand the ECMs complex influence on cell function in 3D. Schematic of laser tweezers microscope. A magnified portion of the sample is shown with a microsphere diffusing in the pore space created by fibrin ECM proteins. (a) MSD calibration curves for a 1 μm bead trapped in water. Corresponding laser trap stiffness for each MSD curve is shown. (b) The relationship between trap stiffness, k, and maximum MSD was generated for three different bead sizes. Sample XY trajectories of bead movement inside the pores of a 2.5 mg ml −1 fibrin gel. Trajectories depict a wide array of ECM pore geometry. Reflection confocal images of (a) 2.5 mg ml −1 , (b) 5 mg ml −1 , and (c) 10 mg ml −1 fibrin gels shown at different magnifications (bar = 20 μm). Phase contrast images showing multiple beads of different sizes are on the far right. Arrows show the location of beads.
